A number of factors impact the accuracy of activity quantitation in planar and single photon emission computed tomographic (SPECT) imaging. Two important such factors are attenuation and scattering in the medium containing the activity. The first removes photons which otherwise would have been included in the images, and the second adds events to the images from photons which would not have otherwise been imaged. A number of methods have been developed to compensate for these biases to activity quantitation. This review will briefly introduce planar quantitation which is commonly used for dosimeter purposes, and then present a slightly more detailed overview of SPECT quantitation which is arguably more accurate. It will conclude by cautioning users of commercial reconstruction software to validate it for quantitation before using it for dosimetric purposes.
INTRODUCTION
In order to calculate the absorbed dose for a target organ as a result of the administration of a radiopharmaceutical, one must have an estimate of the activity in the source organs as a function of time. 1 One way of performing absolute quantitation of activity is via imaging the photons emitted by the radiopharmaceutical. Generally, the number of counts per second (cps) detected by an imaging system is not equal to the activity in becquerel (number of disintegrations per second).
1, 2 If we denote A as the tissue activity in becquerel (Bq) then it is equal to A (Bq) = R (cps) / [D (c/photon) x n (photon/disintegration)] eq. 1
where R is the observed counting rate for a given energy photon, D is the detection efficiency for that energy photon in counts detected per photon emitted, and n is the fractional emission rate for the given energy photon is photons emitted per disintegration. The product of D and n is usually called the sensitivity of the detection system. Among the factors that impact the sensitivity are: [1] [2] [3] [4] [5] [6] 1) the absorption and scattering of photons, 2) collimator efficiency, 3) detector detection efficiency and window fraction, 4) counting rate losses, 5) volume-of-interest (VOI) definition and the partial volume effect, 6) counts detected within the VOI which originated from outside of it, 7) kinetics of the radiopharmaceutical during the period of imaging, 8) reconstruction parameters and implementation in the case of SPECT, and 9) noise. In this review we will focus on compensating for the absorption and scattering of photons.
ATTENUATION AND SCATTER
Attenuation is the loss of counts which would otherwise have been included in the images by the photons interacting in the medium via the Photoelectric Effect, Compton Scattering, Coherent Scattering, Pair Production, or Photo-disintegration. 2 If I 0 is the intensity of a beam of photons (photons per cm 2 per second) incident on some medium of thickness x, then the intensity of the beam after passing through the medium (I(x)) divided by I 0 or transmitted fraction (TF) is TF(x) = exp(µx) eq. 2
where µ is the linear attenuation coefficient of the medium. The linear attenuation coefficient is the fractional probability of being attenuated for a very thin layer of medium. It depends on the physical density and atomic number of the medium, and the energy of the photons. If the photons were to pass through multiple materials, then the line integral would replace the product µx in equation 2. This loss of counts through attenuation must be accounted for if accurate quantitation of activity is to be achieved. Equation 2 holds only for a mono-energetic beam of photons, and the case of goodgeometry counting. In good-geometry counting all scattered photons are removed from the beam so that they are not counted. Thus under good-geometry conditions any interaction of a photon in the medium leads to its loss. In imaging, photons that would not otherwise have been detected can be scattered so that they can now pass through the collimator and increase the number of counts compared to that predicted by eq. 2. Equation 2 is modified to account for such broadbeam conditions by including a buildup factor (B) in front of the exponential giving TF(x) = B exp(µx) .
eq. 3
The buildup factor is equal to the total number of counts detected (primary and scattered) divided by the number of primary counts detected. In the absence of scatter it becomes 1.0 yielding eq. 2. Otherwise B is greater than 1.0, and indicates the extent to which scatter has changed the TF or sensitivity from that of good-geometry imaging.
ATTENUATION AND SCATTER COMPENSATION IN PLANAR QUANTITATION OF ACTIVITY
There are primarily two approaches used to correct for attenuation and scatter in planar imaging. The first is to use a combination of conjugate views to reduce the variability in the sensitivity as a function of location from one side to the other in patients. 1, 5, [7] [8] [9] The second method is to determine the effective source depth and apply appropriate corrections based on this depth. 1, 10 As it is the most commonly used, we will briefly review the use of conjugate views and then discuss the limitations of planar quantitation.
If we acquire an anterior image of a patient as illustrated in Figure 1 , then the TF of photons from a point source will decrease exponentially with depth from the anterior side of the patient as shown in Figure 2 . If we acquire a posterior image of a patient, then the TF will increase exponentially with depth from the anterior side of the patient as seen in Figure 2 . The goal of combining conjugate views is to reduce the dependence of the TF on the location of the source with depth into the patient. One way of combining the conjugate views which accomplishes this for a single point source is to calculate the geometric mean of the TF's from the opposing views. If TF A is the TF for the anterior view, and TF P is the TF for the posterior view, then using the symbols from Figure 1 these can be calculated as TF A (x) = exp(-µx A ) and TF P (x) = exp(-µx P )
. eq. 4
The TF of the geometric mean (TF GM ) of these can be calculated as
where x T is the total thickness and is equal to the sum of x A and x P . Thus the TF GM depends on the total thickness and on the attenuation coefficient µ, but not on the depth of the point source within the patient. The TF GM is shown as a flat line in Figure 2 . One does need to calculate the TF GM as a function of patient thickness in order to determine the sensitivity for imaging the point source at that location within the patient. This is usually done by calculating the effective patient thickness using transmission imaging, but can also be obtained from CT studies of the patient. It should be remembered that what one is calculating is the line integral at each point through the attenuator and not the actual thickness. It should also be remembered that if this is done by transmission imaging then one will be imaging under broad-beam conditions (eq 3), even if the transmission source is collimated.
There are some problems with use of the geometric mean however. 1.7,9 One problem is that we have neglected to consider scatter in the analysis thus far. If we calculate TF GM with the inclusion of the buildup (using eq 3 as opposed to eq 2). With scatter included TF GMS 
With the inclusion of the buildup factors which depend on depth, the TF GMS is larger and no longer independent of depth. This is illustrated in Figure 2 , where the buildup factors were calculated for a Tc-99m point source along the minor axis of a 30 by 30 cm cylindrical tub using the SIMIND Monte Carlo package. 11 Ways of correcting for the inclusion of scatter include the calculation of sensitivity with the inclusion of scatter 12 , using the buildup factor method, 1, 13 and correcting the projection data for the contribution of scatter prior to calculating the geometric mean using, for example, the triple-energy-window (TEW) method.
1,14 TEW and other scatter compensation methods for projection data will be discussed under scatter compensation of SPECT imaging later in this review.
Another problem is that the geometric mean is not linear. That is, the TF GM obtain from imaging multiple point sources, is not the same as that of the TF GM obtained from averaging the TF GM 's from the same point sources imaged separately. For example, the TF GM for any of the Tc-99m point sources in Figure 2 (disregarding scatter) is 0.105. Whereas, it is 0.112 for the simultaneous imaging of points at 5 and 10 cm deep. Corrections for finite source thickness, for a source embedded in background activity, and overlapping source regions have been derived. 1, 15 Planar quantitation methods have been widely employed, and can provide an accuracy of up to 10% for non-overlapping structures in the absence of significant background activity. Planar methods can also be used with whole body scanning, and usually take less patient imaging time than with SPECT imaging. They also are less technically demanding to acquire and process than SPECT. SPECT imaging has the advantage of being able to provide a volume to go along with the activity, thus allowing the calculation of the activity concentration. SPECT also diminishes the problems of under and over-lying activity, and when used with patient specific attenuation maps and iterative reconstruction, methods can be more accurate than planar imaging. In the remainder of this overview we will focus on some of the developments in SPECT imaging which address the problems of attenuation and scatter.
CORRECTION FOR ATTENUATION IN SPECT IMAGING
In order to correct for attenuation one needs to know the attenuation coefficient distribution or attenuation map for the individual patient being reconstructed. Primarily to address the attenuation artifacts in cardiac imaging, a number of strategies for estimating attenuation maps have been proposed 16 , some of which are currently available commercially. The idea behind transmission imaging with a gamma camera is simple. All one needs to do is image the photons from a source located on the side of the patient opposite the camera. One then compares this to the counts obtained when the patient is not in place. The attenuation map is then reconstructed using either filtered-backprojection (FBP) or an iterative reconstruction algorithm. 17 The problems, of course, are in the details such as what is the source of photons, how is the patient anatomy sampled, how are the emission and transmission photons separated, and what are the counting rate limitations of the detector(s). Figure 3 summarizes the transmission imaging geometry for three methods of transmission imaging using the camera head(s) as the detector(s).
The multiple line-source array illustrated in Figure 3A , uses a set of collimated line sources aligned parallel to the axis of rotation of the camera 18 . The spacing and activity of the line sources is tailored to provide a greater flux near the center of the FOV, where the attenuation from the patient is greater. As the line sources decay, two new line sources are inserted into the center of the array. The rest of the lines are moved outward one position, and the weakest pair removed. The transmission profiles result from the overlapping irradiation of the individual lines. A major advantage of this configuration is that no scanning motion of the sources is required as such motion can be problematic mechanically and electronically. A major disadvantage of this system is the separation of the cross-talk between the emission and transmission photons.
Alternatively, a scanning-line source can be used to image the patient by sweeping across the field-of-view (FOV) from one side to the other as illustrated in Figure 3B . 19 The camera head opposed to the line source is electronically windowed to store only the events detected in a narrow region opposed to the line source in the transmission image. The transmission counts are concentrated in this moving spatial window thereby increasing their relative contribution compared to the emission events. Similarly using the portion of the FOV outside the transmission electronic window for emission imaging results in a significant reduction in the amount of cross-talk between transmission and emission imaging. The scanning-line source does have the disadvantage of requiring synchronized mechanical motion of the source with the electronic windowing employed to accept the transmission photons. The result can be an irradiation of the opposed head that changes with gantry angle, or erratically with time. Also, communication and synchronization between the camera and moving the line source can be problematic. Asymmetric fan-beam collimators can be used to provide attenuation maps by imaging line sources, or moving point sources, located at their focus. 20, 21 As illustrated in Figure 3C , such systems will partially truncate the cross-section of the patient unless data is acquired for a 360- One problem with use of this design is that the fan-beam collimator is also used for emission imaging. This difficulty can be overcome, by using photons from a medium-energy scanning-point source to create an asymmetric fan-beam transmission projection through a parallel-hole collimator by penetrating the septa of the collimator. 22 With this strategy, transmission imaging is performed sequentially after emission imaging to avoid transmission photons from contaminating the emission data. This lengthens the period of time which the patient must remain motionless on the imaging table. Another problem with this method of transmission imaging is that it really is only useful for imaging with low-energy parallel-hole collimators. For imaging medium to high energy photon emitters, an asymmetric fan-beam collimator would need to be employed. 21 Alternatives to transmission imaging using the camera head for the estimation of attenuation maps do exist. The emission data does contain information regarding photon attenuation, and efforts have been made at extracting information on the attenuation coefficients directly from the emission data. 23 Another approach is to align CT slices with a SPECT study so that can be used to perform attenuation compensation. 24 An even better approach is to couple a CT system with a SPECT system. 25 This not only provides high quality attenuation maps for use in attenuation correction, but provides one with high-resolution CT images of anatomy registered with the SPECT slices for use in defining VOI.
Once one has estimated the attenuation map, the next step is to employ it in reconstruction to compensate for the diminishing probability that photons make it out of the patient's body as the depth of emission increases. There are a number of attenuation correction algorithms. 26 One widely used iterative algorithm is maximum-likelihood expectationmaximization (MLEM) 27 . The advantages of MLEM which have lead to its popularity include: 1) it has a good theoretical base; 2) it converges; 3) it readily lends itself to the incorporation of the physics of imaging such as attenuation and the inclusion of scattered photons; and 4) it compensates for non-uniform attenuation with a high degree of accuracy. MLEM is however very slow. Block-iterative versions of MLEM such as ordered-subset expectation maximization (OSEM) 28 can significantly reduce computation time to the point of reconstructing images in clinically acceptable periods of time.
The MLEM method works as illustrated in Figure 4 . First, as represented by the arrows Figure 4 . Schematic drawing of MLEM reconstruction.
Backproject Ratios for All
Projection Angles. Figure 4 and in the denominator on the right side of eq. 7, projections are made from the initial (current) estimate of the voxel counts. The initial estimate is typically a uniform count in each voxel such as the total projection count divided by the product of number of projections times the number of voxels. It is in the process of projecting (mathematically emulating imaging) that one includes the physics of imaging. For example, as represented in Figure 4 one can create the four projections shown by summing the row and column counts in the directions indicated. Projecting along rows or columns is computationally inexpensive. Arbitrary projection angles can be placed in this orientation by appropriately rotating the estimated emission voxel slices and attenuation maps. 29 Given an aligned attenuation map for an estimate of an emission slice, one could include attenuation by starting with the voxel on the side opposite the projection being created and multiplying its value by the TF for passing through one-half the voxel distance of an attenuator of the given attenuation coefficient. The value of one-half the pixel dimension is usually used as an approximation for the self-attenuation of the activity in the voxel. One would then move to the next voxel along the direction of projection and add its value after correction for self attenuation to the current projection sum attenuated by passing through the entire thickness of the voxel. One would then continue this process until having passed through all voxels along the path of projection. The result would be the discrete approximation to the calculation of the line integral through the emission estimate with each voxel location corrected for attenuation. The second step is to divide the estimated projection value into the value actually acquired as shown by the division on the right side of eq. 7. The ratio of the two indicates if the voxels along the given path of projection are too large (ratio below one), just right (ratio of one), or too small (ratio larger than one). These ratios are then backprojected as shown on the right in Figure 4 , and indicated in eq. 7, to create an update matrix. This update matrix is then multiplied by the current voxel estimates and normalized by dividing by the backprojection of 1.0's, in order to obtain the updated estimates. OSEM speeds this process by forming and applying the update matrix from subsets of the projection set which are selected in an ordered fashion. The result is a reduction in the number of iterations by a factor approximately equal to the number of subsets employed. 30 An example of the impact of attenuation correction using OSEM on reconstructed slices is given in Figure 5 . This figure shows FBP and OSEM reconstructed slices, as well as the attenuation maps used in reconstruction, for Tc-99m acquisitions of activity in the Data Spectrum Anthropomorphic Phantom. The lung activity had a concentration one half that of the soft tissues, and the 2-cm diameter spherical tumor had a concentration eight times that of the soft tissues. Note the "hot" outer rim of the phantom, and relative warmth of the lungs in the FBP reconstructed slices on the left as compared to the better uniformity of the region outside the lungs, and better lung to outer region contrast in the OSEM reconstructed slices on the right. These changes are typical of those which occur with attenuation compensation. 
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CORRECTION FOR SCATTER IN SPECT IMAGING
The best way to reduce the effects of scatter would be to improve the energy resolution of the imaging systems by using an alternative to the NaI(Tl) scintillator so that few scattered photons are acquired in the photopeak window. However given that most SPECT imaging occurs with NaI(Tl) based systems, a number of scatter compensation algorithms have been proposed for these systems. Generally, the methods of scatter compensation can be divided into two different categories. The first category, which we will call scatter estimation, consists of those methods that estimate the scatter contributions to the projections based on the acquired emission data. The data used may be information from the energy spectrum or a combination of the photopeak data and an approximation of scatter point spread functions (PSF's). The scatter PSF gives the spatial distribution of the relative probabilities of detecting scattered photons at each location in the projection for a given location in the source distribution. The scatter estimate can be used before, during, or after reconstruction. The second category consists of those methods that model the scatter PSF's during the reconstruction process. The second approach will be called reconstruction-based scatter compensation (RBSC) herein.
Energy-distribution-based methods seek to estimate the amount of scatter in a photopeakenergy-window pixel by using the variation of counts acquired, in the same pixel, in one or more energy windows. The pixel-based nature of this method allows for the generation of a scatter estimate for each pixel in the photopeak-window data. One example of an energy based scatter compensation method is the triple-energy-window (TEW) method 14 previously mentioned. In this method scatter is estimated as the area under the trapezoid formed by the heights of the counts per keV in each of the two narrow windows on either side of the photopeak, and a base with the width of the photopeak window as illustrated in Figure 6 for one of the photopeaks of Ga-67. Also shown on the right of Figure 6 is the actual scatter distribution in a Monte Carlo simulated 11 projection from a Ga-67 source distribution, the TEW estimate of this distribution
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from "noise free" projections, the TEW estimate from noisy projections, and the low-pass filtered TEW estimate. Note that the TEW estimate from "noise free" projection data looks very similar to the true scatter projection. However, in the presence of noise, heavy low-pass filtering is needed to reduce the noise level, and this filtering distorts the scatter estimate. Figure 6 . On the left is shown a Ga-67 energy spectrum with TEW windows and scatter estimate indicated for its 185 keV photon. On the right side is shown the actual Monte Carlo simulated scatter distribution in a posterior projection of a Ga-67 source distribution, the TEW estimate from "noise free" projections, the TEW estimate for noisy projections, and the low-pass filtered TEW estimate from the noisy projection data.
Another subclass of scatter-estimation methods is the spatial-distribution-based methods. These methods seek to estimate the scatter contamination of the projections on the basis of the acquired photopeak window data, which serves as an estimate of the source distribution, and a model of the blurring of the source into the scatter distribution. The latter is typically an approximation to the scatter PSF. An example of a spatial-distribution method for scatter compensation in SPECT is the convolution-subtraction method 31 , which models the scatter response as decreasing exponentially from its center maximum value. The center value and slope of the exponential are obtained from measurements made with a finite length line source.
In RBSC a unique scatter PSF is estimated for each location in the patient using a patientspecific attenuation map and the underlying principles of scattering interactions. This scatter PSF is then included in the transition matrix and used in iterative reconstruction. The transition matrix represents the fraction of photons of a given energy emitted from a voxel in the patient, which are detected in a given pixel in the projection images. With RBSC methods compensation is achieved, in effect, by mapping scattered photons back to their point of origin instead of trying to determine a separate estimate of the scatter contribution to the projections. 32 All of the photons are used in RBSC, and it has been argued that there should be less noise increase than with the other category of compensations. 32, 33 The first RBSC method for SPECT was the inverse Monte Carlo method. 34 This algorithm provided compensation for scatter, attenuation, and system resolution by calculation the transition matrix for the given patient using a Monte Carlo simulation. Since obtaining a "noise-free" estimate of the 3D transition matrix with Monte Carlo methods is extremely time consuming, a number of approximate methods have been investigated which provide excellent compensation in computationally acceptable reconstruction times. 32, 33 Recently, methods of vastly speeding-up Monte Carlo simulation have been developed such that for Tc-99m, fully 3D reconstruction can be obtained in approximately 30 minutes on a personal computer. 35 
SUMMARY
Correction for attenuation and scatter are required for the accurate estimation of activities. Both planar and SPECT imaging can be used to estimate the activities of radiopharmaceuticals. Planar methods have been the most widely employed for this purpose. With the accurate modeling of imaging in iterative reconstruction, SPECT methods will prove to be more accurate. If SPECT reconstructions are used for quantitation care should be taken to verify the accuracy of the reconstruction implementation. For example, one should employ zero padding when calculating the FFT's of the projections and the band-limited version of the Ramp filter in FBP. 36 One should also be aware of how negative values are handled in the reconstruction software they use. 37 
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